The use of magnetic resonance (MR) imaging is growing exponentially, in part because of the excellent anatomic and pathologic detail provided by the modality and because of recent technologic advances that have led to faster acquisition times. Radiology residents now are introduced in their 1st year of training to the MR pulse sequences routinely used in clinical imaging, including various spin-echo, gradientecho, inversion-recovery, echo-planar imaging, and MR angiographic sequences. However, to make optimal use of these techniques, radiologists also need a basic knowledge of the physics of MR imaging, including T1 recovery, T2 and T2* decay, repetition time, echo time, and chemical shift effects. In addition, an understanding of contrast weighting is very helpful to obtain better depiction of specific tissues for the diagnosis of various pathologic processes. © 
Introduction
Not long ago, many radiology residents did not study magnetic resonance (MR) imaging until their senior year; however, with recent technologic advances, including faster acquisition times and better anatomic and pathologic depiction, MR imaging is used with increasing frequency. In fact, residents now receive training in MR imaging and routinely use it while on call as early as the 1st year of residency. However, when residents are presented with MR images to interpret, they may not know where to start or, more important, why a specific pulse sequence with a particular contrast weighting was used. They may know little or nothing about the physical principles on which the sequence is based.
In this article, we describe the physical basis of the most common MR pulse sequences routinely used in clinical imaging. This is a vast and complicated subject, and only the fundamentals could be presented here; however, many excellent general (1-4) and detailed references about the subject are available. To enhance understanding, our explanation of the physical principles is simplified; to highlight their practical relevance, clinical examples are interspersed throughout the article.
Physics Overview
MR imaging is based on the electromagnetic activity of atomic nuclei. Nuclei are made up of protons and neutrons, both of which have spins. MRactive nuclei are those that have a net spin because they are odd-numbered and the spins of their protons and neutrons do not cancel each other out (5) . In clinical MR imaging, hydrogen ( 1 H) nuclei are used most often because of their abundance in the body, but other nuclei-for example, fluorine ( 19 F) nuclei-also may be used (6) .
Each nucleus rotates around its own axis. As the nucleus spins, its motion induces a magnetic field (Fig 1a) . When the nuclei are exposed to an external magnetic field (B 0 ), the interaction of the magnetic fields (ie, the fields of the spinning nuclei and the externally applied field) causes the nuclei to wobble, or precess. The frequency at which precession occurs is defined by the Larmor equation, 0 ϭ B 0 ϫ ␥, where 0 is the precessional frequency, B 0 is the external magnetic field strength (measured in teslas), and ␥ is the gyromagnetic ratio (measured in megahertz per tesla), which is a constant for every atom at a particular magnetic field strength (eg, for 1 H, ␥/2 ϭ 42.57 MHz/T) (7) .
Until the 1 H nuclei are exposed to B 0 magnetization, their axes are randomly aligned. However, Figure 1 . Basic physics of the MR signal. (a) As 1 H nuclei spin, they induce their own magnetic field (tan), the direction (magnetic axis) of which is depicted by an arrow (yellow). The 1 H nuclei initially precess with a wobble at various angles (1) (2) (3) (4) (5) (6) , but when they are exposed to an external magnetic field (B 0 ), they align with it. The sum of all magnetic moments is called the net magnetization vector (NMV). (b) When an RF pulse is applied, the net magnetization vector is flipped at an angle (␣), which produces two magnetization components: longitudinal magnetization (M z ) and transverse magnetization (M xy ). As the transverse magnetization precesses around a receiver coil, it induces a current (i). When the RF generator is turned off, T1 recovery and T2 and T2* decay occur.
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RG f Volume 26 • Number 2 when B 0 magnetization is applied, the magnetic axes of the nuclei align with the magnetic axis of B 0 , some in parallel and others in opposition to it (5) (Fig 1a) . The cumulative effect of all the magnetic moments of the nuclei is the net magnetization vector. When a radiofrequency (RF) pulse is applied, the RF excitation causes the net magnetization vector to flip by a certain angle, and this produces two magnetization vector components, longitudinal magnetization and transverse magnetization (Fig 1b) . As the transverse magnetization precesses around a receiver coil, it induces a current in that coil, in accordance with the Faraday law of induction (8) . This current becomes the MR signal.
When the RF energy source is turned off, the net magnetization vector realigns with the axis of B 0 through the process of T1 recovery, during which the longitudinal magnetization increases in magnitude, or recovers. At the same time, the transverse magnetization decreases (decays) through additional mechanisms known as T2* decay and T2 decay. Different tissues have different T1, T2, and T2* values. Furthermore, T2* is dependent on the magnetic environment (the spatial uniformity of the external field). Fat has a shorter T1 (ie, recovers faster) and a shorter T2 (ie, decays faster) than water, which has a relatively long T1 and T2. T2* decay occurs very quickly in both fat and water (Fig 1b) (9) .
During T1 (spin-lattice) relaxation, the longitudinal magnetization recovers as the spinning nuclei release energy into the environment (Fig  2a) . During T2 (spin-spin) relaxation, the transverse magnetization is dephased because of interaction between the spinning nuclei and their magnetic fields (Fig 2b) . In T2* signal decay, the transverse magnetization is dephased because of magnetic field inhomogeneities. The magnetic field is not exactly the same everywhere; in some places it is a bit stronger (B 0 ϩ ␣)-for example, 1.505 T-and in others it is a bit weaker (B 0 Ϫ ␣)-for example, 1.495 T. Such differences may occur because of the presence of metallic objects, air, dental implants, or calcium, or they may be due to the limitations of magnet construction (Fig 2c) (6) .
As mentioned earlier, the transverse component of the net magnetization vector induces a current in the receiver coil. For the induction of current, the nuclei must be spinning in phase; as the nuclei gradually spin out of phase, the signal induced in the coil decreases. This process is called free induction decay: Free refers to the fact that the system is no longer being forced out of equilibrium by the RF excitation; induction describes the mechanism through which the signal is detected; and decay refers to the decrease in signal amplitude over time.
Repetition Time and Echo Time
At MR imaging, differences in T1, T2, and proton density (ie, the number of 1 H nuclei) in various tissues create differences in tissue contrast on images (9) . Two key parameters-repetition time (TR) and echo time (TE)-are key to the creation of image contrast. Figure 3 shows the symbols that are most commonly used to diagram pulse sequences (1-3) as well as the echoes detected, including the Hahn echo (with use of a spin-echo [SE] pulse sequence) and the gradient echo (GRE) (10) . It is important to recognize these symbols, because they are invariably used to represent TR and TE.
TR is the time (usually measured in milliseconds) between the application of an RF excitation pulse and the start of the next RF pulse (1, 2) . TE (also usually measured in milliseconds) is the time between the application of the RF pulse and the peak of the echo detected (Fig 4a) (1,2) . Both parameters affect contrast on MR images because they provide varying levels of sensitivity to differences in relaxation time between various tissues. At short TRs, the difference in relaxation time between fat and water can be detected (longitudinal magnetization recovers more quickly in fat than in water); at long TRs, it cannot be detected. Therefore, TR relates to T1 (Fig 4b) and affects contrast on T1-weighted images. At short TEs, differences in the T2 signal decay in fat and water cannot be detected; at long TEs, they can be detected. Therefore, TE relates to T2 (Fig 4b) and affects contrast on T2-weighted images.
When the TR is long and the TE is short, the differences in magnetization recovery and in signal decay between fat and water are not distinguishable (Fig 4b) ; therefore, the contrast observed on the resultant MR images is predominantly due to the difference in proton density between the two tissue types. Tissues with more protons have higher signal intensity, and those with fewer protons have lower signal intensity.
Tissue Contrast
All MR images are to some degree affected by each of the parameters that determine tissue contrast (ie, T1, T2, and proton density), but the TR and TE can be adjusted to emphasize a particular type of contrast. This may be done, for example, with T1 weighting. In T1-weighted MR imaging, while the images show all types of contrast, T1 contrast is accentuated. rameters used to obtain images with T1, T2, and proton-density weighting (1, 3) . T1-weighted images best depict the anatomy, and, if contrast material is used, they also may show pathologic entities; however, T2-weighted images provide the best depiction of disease, because most tissues that are involved in a pathologic process have a higher water content than is normal, and the fluid causes the affected areas to appear bright on T2-weighted images (1, 3, 9) . Proton-density weighted MR images usually depict both the anatomy and the disease entity. Table 2 shows typical TR and TE values that may be used to achieve different weighting with SE and GRE sequences (1, 3) . The levels of signal intensity that characterize various tissues on T1-and T2-weighted images are shown in Figure 5 (1, 3, 4) .
MR Signal Localization
How does the MR imaging system detect which tissue the signal is coming from? For this purpose, gradients are employed. Gradients are linear variations of the magnetic field strength in a selected region (11) . Along with the magnetic field strength, the precessional frequency of 1 H nuclei is also changed in the specific region (recall the Larmor equation). Three types of gradients are applied, according to the axis of imaging (x-, y-, or z-axis) (Fig 6) . The section-selective gradient selects the section to be imaged (ie, the target of the RF excitation pulse). The phase-encoding gradient causes a phase shift in the spinning protons so that the MR imaging system computer can detect and encode the phase of the spin (eg, the location of the red bands in the nuclei shown in Fig 2) . The frequency-encoding gradient also causes a shift-one of frequency rather than phase-that helps the MR system to detect the location of the spinning nuclei. Because this shift of frequency usually occurs when the echo is read, it is also called the readout gradient. Once the MR system processor has all of that information (ie, the frequency and phase of each spin), it can compute the exact location and amplitude of the signal. That information is then stored in k-space.
k-Space and the Image Matrix
k-Space (named for k, the symbol for wave number) is a matrix of voxels within which the raw imaging data are stored in the MR imaging system (12) . The horizontal axis (x-axis) of the matrix usually corresponds to the frequency, and the vertical axis (y-axis) usually corresponds to the phase (although the axes of frequency and phase may be easily interchanged) (Fig 7) . The center of k-space contains information about gross form and tissue contrast, whereas the edges (periphery) of k-space contain information about spatial resolution (details and fine structures). The raw imaging data in k-space must be Fourier transformed to obtain the final image.
Diagrams and Clinical Applications of MR Sequences
Pulse sequences are wave forms of the gradients and RF pulses applied in MR image acquisition (2) . The diagrams may be composed of several parallel lines if each parameter is diagrammed separately, or they may consist of only one or two lines if the parameters are superimposed. If the parameters are diagrammed separately, at least four lines are required: one for the RF pulse, and one each for the x-, y-, and z-axis gradients (2) . The pulse sequence diagram is a schema of the timing of instructions sent to the RF generator and gradient amplifiers.
There are only two fundamental types of MR pulse sequences: SE and GRE. All other MR sequences are variations of these, with different parameters added on. MR pulse sequences can be either two-dimensional (2D), with one section acquired at a time, or three-dimensional (3D), with a volume of multiple sections obtained in a single acquisition.
SE Sequences
In SE sequences, a 90°pulse flips the net magnetization vector into the transverse plane (10) . As the spinning nuclei go through T1, T2, and T2* relaxation, the transverse magnetization is gradually dephased. A 180°pulse is applied at a time equal to one-half of TE to rephase the spinning nuclei. When the nuclei are again spinning in phase (at total TE), an echo is produced and read (Fig 8a) . Most conventional SE sequences are very long and therefore are not used frequently. However, advances in MR imaging technology have enabled a reduction in acquisition time with the use of fast SE sequences. Table 3 shows the names of the various SE sequences used by the major MR imaging system vendors.
As mentioned earlier, sequences that have a short TR and short TE are used to obtain T1 weighting. Those with a long TR and short TE result in proton-density weighting. When the TR is long and the TE is long, T2 weighting is achieved. Sequentially increasing the TE of a sequence weights it more heavily toward T2: This technique is used at MR cholangiopancreatography to obtain a detailed depiction of the bile ducts and pancreatic ducts (Fig 9) . Increasing the TE also is useful for MR imaging of hemangiomas and cysts (Fig 10) . Clinical illustrations of the contrast weightings of tissues and the advantages of choosing a particular contrast weighting at SE or fast SE MR imaging are shown in Figures 8 -11 .
SE-based Sequences
Fast SE Variants.-In a fast or turbo SE sequence, a single 90°pulse is applied to flip the net magnetization vector, after which multiple 180°r ephasing pulses are applied (13), each of which creates a Hahn echo (Fig 12a) . All the echoes together are called an echo train, and the total number of 180°RF pulses and echoes is referred to as the echo train length. The acquisition time is greatly reduced with use of a fast SE sequence as opposed to a conventional SE sequence (Figs 12b, 12c). It is approximately proportional to 1/ETL, where ETL is the echo train length, for imaging of a single section or a small number of sections. However, at imaging of larger volumes, the reduction of acquisition time is highly dependent on the spatial coverage.
Conventional Inversion Recovery.-This is an SE sequence in which a 180°preparatory pulse is applied to flip the net magnetization vector 180°a nd null the signal from a particular entity (eg, water in tissue). When the RF pulse ceases, the spinning nuclei begin to relax. When the net magnetization vector for water passes the transverse plane (the null point for that tissue), the conventional 90°pulse is applied, and the SE sequence then continues as before (Fig 13) . The interval between the 180°pulse and the 90°pulse is the TI.
At TI, the net magnetization vector of water is very weak, whereas that for body tissues is strong (Fig 14) . When the net magnetization vectors are flipped by the 90°pulse, there is little or no transverse magnetization in water, so no signal is generated (fluid appears dark), whereas signal intensity ranges from low to high in tissues with a stronger net magnetization vector. Two important clinical implementations of the inversionrecovery concept are the short TI inversion-recovery (STIR) sequence and the fluid-attenuated inversion-recovery (FLAIR) sequence. Table 4 shows the names of the various inversion-recovery sequences used by the major MR imaging system vendors. Note.-Adapted, with permission, from reference 2. STIR ϭ short inversion time inversion recovery. STIR.-In STIR sequences, an inversion-recovery pulse is used to null the signal from fat (14) . When the net magnetization vector of fat passes its null point (at approximately 140 msec), the conventional 90°RF pulse is applied. Little or no longitudinal magnetization is present in fat, and the transverse magnetization in fat is insignificant. It is transverse magnetization that induces an electric current in the receiver coil, and, because the insignificant transverse magnetization of fat produces an insignificant current, no signal is generated from fat. STIR sequences provide excellent depiction of bone marrow edema (Fig 15) , which may be the only indication of an occult fracture. Unlike conventional fat-saturation sequences (discussed later), STIR sequences are not affected by magnetic field inhomogeneities, so they are more efficient for nulling the signal from fat (Fig 16) .
FLAIR.-In FLAIR sequences, an inversionrecovery pulse is used to null the signal from cerebrospinal fluid (15) . When the net magnetization vector of cerebrospinal fluid passes its null point, little or no longitudinal magnetization is present in the fluid. The transverse magnetization of cerebrospinal fluid is insignificant, and therefore no signal is generated (Fig 17) . Elimination of the signal from cerebrospinal fluid is useful for detecting lesions that otherwise are not easily distinguishable or for delineating hyperintense lesions that border fluid-containing spaces such as sulci or ventricles in the brain (Fig 17b, 17c) .
GRE Sequences
In a GRE sequence, an RF pulse is applied that partly flips the net magnetization vector into the transverse plane (variable flip angle) (16) . Gradients, as opposed to RF pulses, are used to dephase (negative gradient) and rephase (positive gradients) transverse magnetization (Figs 3, 18) . Because gradients do not refocus field inhomogeneities, GRE sequences with long TEs are T2* weighted (because of magnetic susceptibility) rather than T2 weighted like SE sequences. Table  5 lists important differences between SE and GRE sequences. The names of various GRE sequences used by the major MR imaging system vendors are listed in Table 6 . GRE sequences are sensitive to magnetic field inhomogeneity secondary to magnetic susceptibility differences between tissues. Magnetic susceptibility-related signal loss, or susceptibility artifact, is caused by magnetic field (B 0 ) inhomoge- neity (17) and can be described in terms of T2* signal decay. This inhomogeneity (local variation in B 0 ) usually occurs at the interface between entities (eg, tissue and air) that have different magnetic susceptibilities. Because magnetic fields vary locally, some spinning nuclei precess faster (recall the Larmor equation, o ϭ B 0 ϫ ␥) than others; so when the individual vectors are added to obtain the net magnetization vector, there is a progressive decrease in the magnitude of the net magnetization vector over time. This decrease results in a progressive decrease in signal intensity, which eventually leads to a signal void. This feature of GRE sequences is exploited for the detection of hemorrhage, as the iron in hemoglobin becomes magnetized locally (produces its own local magnetic field) and thus dephases the spinning nuclei. The technique is particularly helpful for diagnosing hemorrhagic contusions such as those in the brain (Fig 19) and in pigmented villonodular synovitis (Fig 20) . SE sequences, on the other hand, while they are relatively immune from magnetic susceptibility artifacts, are also less sensitive in depicting hemorrhage and calcification. Magnetic susceptibility imaging is the basis of cerebral perfusion studies, in which the T2* effects (ie, signal decrease) created by gadolinium (a metal injected intravenously as a chelated ion in aqueous solution, typically in the form of gadopentetate dimeglumine) are sensitively depicted by GRE sequences (18) (Fig 21) . Magnetic susceptibility is also used in blood oxygenation level-dependent (BOLD) imaging, in which the relative amount of deoxyhemoglobin in the cerebral vasculature is measured as a reflection of neuronal activity. BOLD MR imaging is widely used for mapping of human brain function. GRE sequences may be coherent (refocused) or incoherent (spoiled). Both sequence types usually involve the creation of a steady state (17) . In the steady state, the TR is usually shorter than the T1 and T2 of the tissues imaged. Therefore, only T2* dephasing is allowed to occur. Because of this, the transverse magnetization does not have a chance to decay between successive TRs; that is, it remains in a steady state, essentially unmoving. Transverse magnetization therefore accumulates over time.
Partially Refocused GRE.-Coherent or partially refocused (rewound) GRE sequences use a gradient (called a rewind gradient) to rephase the T2* magnetization while it is being dephased and thereby preserve the T2* effects (20, 21) . Therefore, these sequences provide T2 weighting (Fig  22a) . Partially refocused GRE sequences are especially useful for MR angiography and for depiction of the internal auditory canal (Fig 22a) . Fully Refocused GRE.-The fundamental difference between partially refocused and fully refocused GRE sequences is that all the gradients in the latter are refocused. In addition, the phase of the RF pulse is alternated between 0°and 180°w ith each successive pulse in the sequence, and this alternation results in signal improvement. Steady-state free precession (SSFP), a technique in which a pulse is repeatedly applied with short TRs, also may be used in this type of GRE sequence (21) . The tissue contrast produced with SSFP sequences is more complicated because it depends on T2/T1, with the signal generated being proportional to the square root of T2/T1 (Fig  22b) . Because images acquired with fully refocused GRE sequences are very susceptible to artifacts caused by magnetic field inhomogeneities, subsequent TRs must be very short (typically, Ͻ5 msec). SSFP sequences are typically fast, provide a high signal-to-noise ratio, and are very useful for cardiac imaging (Fig 22b) , interventional MR imaging, and high-resolution imaging of the internal auditory canal.
Spoiled GRE.-Any remaining T2* effects created by the steady state may affect tissue contrast, making the GRE sequence more similar to T2 weighting, or may lead to streaking artifact. Therefore, in incoherent or spoiled GRE sequences, a spoiler RF pulse or gradient is used to eradicate any remaining transverse magnetization after each echo, thereby producing the same effect as T1 or proton-density weighting (Fig 22c) (19) . Spoiled GRE sequences are especially useful for contrast material-enhanced MR imaging ( Fig  23) and cardiac imaging. 
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Echo-planar Imaging
With echo-planar imaging, a single echo train is used to collect data from all lines of k-space during one TR. Use of this technique shortens the acquisition time substantially (22) . There are two types of echo-planar imaging sequences: SE and GRE sequences (Fig 24) . All the lines of k-space can be acquired in a single TR (in single-shot echo-planar imaging) or in two or more TRs (in multishot echo-planar imaging). The phase-encoding gradient and the frequency-encoding (or readout) gradient are turned on and off very rapidly, a technique that allows the rapid filling of k-space. In this sense, echo-planar imaging can be considered a multiecho variant of the GRE sequence, in the same way that fast SE is a multiecho variant of the SE sequence. Echo-planar imaging is now a technique of choice for diffusion-weighted imaging, for which an echo-planar SE sequence typically is used (Fig 25) . Echo-planar imaging is more vulnerable to magnetic susceptibility effects and provides greater tissue contrast than does imaging with standard GRE sequences; therefore, echo-planar imaging sequences are widely used to assess cerebral perfusion.
Diffusion-weighted Imaging
Diffusion weighting enables one to distinguish between rapid diffusion of protons (unrestricted diffusion) and slow diffusion of protons (restricted diffusion) (23) . For diffusion-weighted imaging, either an echo-planar or a fast GRE sequence is used (Fig 25) , and two equal gradient pulses are applied (one on each side of the 180°R F pulse in echo-planar sequences). If no net movement of spinning nuclei occurs between the applications of the gradient pulses, the first gradient dephases the spins and the second rephases them; therefore, high signal intensity is seen. If there is net movement, the protons are not affected by both gradients (they may undergo dephasing but not rephasing, or vice versa); therefore, the signal intensity is decreased (Figs 25,  26) .
One of the major uses for diffusion-weighted imaging sequences is in the diagnosis of recent stroke. However, diffusion-weighted sequences are usually applied in conjunction with apparent diffusion coefficient (ADC) mapping techniques (Fig 27) . For the calculation of ADC maps, two sets of images are required: one set obtained without application of a diffusion gradient (which have an appearance similar to that of T2-weighted images), and one obtained with a diffusion gradient. The ADC calculation is based on the negative logarithm of the ratio of those two image sets (images obtained with diffusion weighting compared with those obtained without diffusion weighting).
For example, let us assume that we have a region of restricted diffusion caused by an acute stroke. In the set of images obtained without a diffusion gradient, the restricted diffusion has an arbitrary signal intensity value of 10. In the set of images obtained with the diffusion gradient, it has an arbitrary signal intensity value of 5 (ie, some, but not profound, signal loss). The ratio of the two has a value of 0.5 (the negative logarithm of 0.5 is 0.7). Now let us assume that we have a region of normal brain tissue with unrestricted diffusion. On images obtained without a diffusion gradient, the normal brain has an arbitrary signal intensity of 10. On images obtained with the diffusion gradient, it has an arbitrary signal intensity of 2. The ratio of the two has a value of 0.2 (the negative logarithm of 0.2 is 1.6). For this reason, areas of restricted diffusion appear dark on ADC maps (since the ADC values are scaled to the negative logarithm of the signal intensity ratio), and areas of unrestricted diffusion appear bright (Fig 27) .
Sometimes, the appearance of high signal intensity on diffusion-weighted images also may be due to T2 effects, or so-called T2 shine-through. The absence of these effects on ADC maps allows areas of restricted diffusion from recent stroke to appear dark and areas of unrestricted diffusion in remote tissues (or areas of older stroke) to appear relatively bright (Fig 27) . Therefore, diffusionweighted images and ADC maps together allow the determination of the age of a stroke. Areas affected recently by an acute stroke are characterized by restricted diffusion (depicted as bright areas on diffusion-weighted images and as dark areas on ADC maps); those affected recently by a subacute stroke appear somewhat bright on diffusion-weighted images and may appear moderately bright on ADC maps. Areas affected by old strokes are depicted as dark areas on diffusionweighted images and bright areas on ADC maps.
MR Angiography
The most common MR angiographic techniques are time-of-flight imaging, multiple overlapping thin-slab acquisitions (MOTSA), phase-contrast imaging, and contrast-enhanced MR angiography.
Time-of-Flight Imaging and MOTSA.-In these sequences, multiple RF pulses applied with short TRs saturate the spins in stationary tissues (24, 25) . This results in suppression of the signal from stationary tissues in the imaging slab. Inflowing blood is unaffected by the repetitive RF pulses; therefore, as it enters the imaging slab, its signal is not suppressed and appears hyperintense compared with that of stationary tissue. Time-offlight imaging may be 2D, with section-by-section acquisition (Fig 28a) , or 3D, with acquisition of a larger volume. MOTSA is the hybrid result of 2D and 3D time-of-flight imaging. Each slab in MOTSA is thinner than the typical slab in a single 3D time-of-flight image acquisition and, thus, is less deleteriously affected by distal saturation (Fig 28b, 28c) . Images can be reviewed as individual sections or as maximum intensity projections. To obtain the latter, the maximal signal intensity is selected from stacks of images to produce 3D maps (Fig 28b, 28c) .
Phase-Contrast Imaging.-Phase-contrast imaging provides information about the phase (or direction) of flow and the velocity (or magnitude) of flow (26) . It requires two measurements that are sensitized to flow in different directions; typically, one measurement is sensitized to flow in one direction, and the second is sensitized equally to flow in the opposite direction. Both measurements are subtracted to eliminate any contribution to image phase that does not arise from flow or motion. As a result, no signal is detected from stationary tissue; signal is received only from flowing blood. Subtraction of the phase data yields spatial measures of flow velocity. Phasecontrast images also can be reconstructed as angiograms on the basis of the magnitude imaging data. Phase-contrast images can be either 2D or 3D.
Different conventions exist for the interpretation of signal seen on directional and velocity phase-contrast images. One convention is that high signal is seen from flow that moves from a superior location to an inferior one, from right to left, and from an anterior to a posterior location. No signal (a signal void) is seen from flow that moves from an inferior to a superior location, from left to right, or from a posterior to an anterior location (Fig 28d) .
Contrast-enhanced MR Angiography.-In contrast-enhanced MR angiography, an intravenous contrast material (usually gadopentetate dimeglumine or another gadolinium-based agent) is used (27) . Such agents typically shorten the T1 of blood (ie, hasten the recovery of longitudinal magnetization), so a higher-magnitude net magnetization vector is available to be flipped with the next TR, a condition that results in high signal intensity on T1-weighted images (Fig 28e) . Contrast-enhanced MR angiography also can be performed with 2D or 3D methods. A clinical example of the use of this modality can be seen in Figure 29 .
Fat-related Imaging Techniques
Fat Signal Suppression.-Fat has high signal intensity on T1-weighted images because of its short T1. However, it is desirable sometimes (eg, at contrast-enhanced MR imaging) to null the signal from fat so that the signal from other tissues is more conspicuous. For this purpose, fat saturation may be applied. There are various methods for achieving fat saturation. First, fat saturation may be obtained by applying an RF pulse at the beginning of any sequence and following it immediately with a spoiler or crusher gradient that shifts the net magnetization vector of fat so that it has no longitudinal magnetization at the start of the image acquisition (28) . Subsequently, because no transverse magnetization for fat is generated, no signal from fat is seen. This is the method most commonly used for nulling the signal from fat (Fig 30a) , and it is often used in contrast-enhanced MR imaging. As discussed previously, fat-saturation pulses are affected by magnetic field inhomogeneities (eg, between skin and air). Incomplete fat saturation is sometimes observed when such pulses are used (Fig 16) , because of imperfect selective excitation of the resonance frequency of fat.
Fat-saturation techniques are useful clinically for the diagnosis of liposarcomas, in which the high signal intensity normally observed on T1-weighted images appears suppressed on images obtained with fat saturation, and of lipomas (Fig  31) . The addition of a fat-saturation pulse to a fast SE sequence at musculoskeletal MR imaging can result in highly sensitive depiction of edema and highlight the extent of pathologic change in bone marrow.
The second method for achieving fat saturation is the use of an inversion-recovery pulse to null the signal from fat (14) . When the net magnetization vector of fat just passes the null point, little or no longitudinal magnetization is present in fat; thus, when the net magnetization vector for fat is flipped by the 90°RF pulse (Fig 13) , the transverse magnetization of fat is insignificant. Therefore, no signal is generated from fat. One example of this type of sequence is STIR ( Figs  13, 16, 30b) .
The third method of fat saturation involves the application of a water-excitation technique so that only tissues containing water have transverse magnetization (and fat has no transverse magnetization) (29) . Because no transverse magnetization is generated in fat, no signal is generated from fat. An example of a water-excitation technique is the spectral-spatial RF pulse (Fig 30c) . In-Phase and Out-of-Phase Imaging.-Inand out-of-phase imaging is routinely used to depict microscopic fat, which is helpful for distinguishing adrenal adenomas from adrenal carcinomas. Because of the different chemical environments of 1 H in fat (CH 2 ) and water (H 2 O), 1 H nuclei precess at different rates. With this sequence, usually a spoiled GRE, fat and water are imaged when their 1 H nuclei are spinning in phase with each other (TE ϭ 4.2 msec at 1.5 T) and out of phase with each other (TE ϭ 2.1 msec at 1.5 T). If microscopic fat is present, its signal is nulled (canceled out) on the out-of-phase images (Fig 32) (30) . Chemical Shift Artifact.-Chemical shift is an artifact from fat that deserves special mention. This artifact occurs only in the frequency-encoding (readout) direction because of differences between the chemical environments surrounding the 1 H atoms in water and fat. Fat and water precess at different frequencies, a condition that results in misregistration due to a chemical shift effect on the encoding of signal from the protons in fat and water. The result is the appearance of a dark rim at one edge of an object (eg, a kidney) and a bright rim at the opposite edge (Fig 33)  (1-3) .
Specific Absorption Rate
MR imaging is usually thought of as a safe imaging modality because no ionizing radiation is used to obtain the images. However, it is important that radiologists who work in MR imaging be acquainted with the concept of the specific absorption rate (SAR) (31) . As you may remember, the RF pulse that is used to flip the net magnetization vector into the transverse plane is an energy pulse. The energy from the RF pulse is deposited in the patient. The SAR is a measure of the rate at which that RF energy (measured in watts) is dissipated in tissue, per unit of tissue mass (measured in kilograms).
The SAR is proportional to B 0 2 ␣ 2 D, where B 0 is the field strength, ␣ is the flip angle, and D is the duty cycle (or TR). By implication, if the field strength used to image the patient is doubled (eg, from 1.5 to 3.0 T), the SAR increases fourfold. Likewise, if the flip angle is doubled (eg, from 15°t o 30°), the SAR increases fourfold. Therefore, SE sequences and SE-based (particularly inversion-recovery) sequences in which flip angles of 90°and 180°are used are associated with a higher SAR than are GRE sequences, which do not always require a 90°flip angle. Similarly, if the duty cycle is doubled (if TR is decreased by one-half), the SAR also is doubled.
Summary
The use of MR imaging likely will continue to increase exponentially in the near term; therefore, an understanding of the physical underpinnings of the modality is of paramount importance. In this article, we describe the physical basis of the MR pulse sequences most commonly used in routine clinical imaging and review the specific advantages of particular contrast weighting techniques and pulse sequences for the visualization of various tissues. We hope this information will provide a foundation for a fuller understanding of MR imaging and all that it has to offer. Chemical shift artifact at water-fat interfaces. Axial T1-weighted GRE image at the level of the kidneys shows a dark rim at one edge of the kidney and a bright rim at the opposite edge (arrows), an artifact that results from differences in the precessional frequencies of fat and water. 
